Abstract: Continuous flow ventricular assist devices (VADs) for mechanical circulatory support (MCS) are generally smaller and believed to be more reliable than pulsatile VADs. However, regarding continuous flow, there are concerns about the decreased pulsatility and ventricular unloading. Moreover, pulsatile VADs offer a wider range in control strategies. For this reason, we used a computer model to evaluate whether pulsatile operation of a continuous flow VAD would be more beneficial than the standard constant pump speed. The computer model describes the left and right ventricle with one-fiber heart contraction models, and the systemic, pulmonary, and coronary circulation with lumped parameter hemodynamical models, while the heart rate is regulated with a baroreflex model. With this computer model, both normal and heart failure hemodynamics were simulated. A HeartMate II left ventricular assist device model was connected to this model, and both constant speed and pulsatile support were simulated. Pulsatile support did not solve the decreased pulsatility issue, but it did improve perfusion (cardiac index and coronary flow) and unloading (stroke work and heart rate) compared with constant speed. Also, pulsatile support would be beneficial for developing control strategies, as it offers more options to adjust assist device settings to the patient's needs. Because the mathematical model used in this study can simulate different assist device settings, it can play a valuable role in developing mechanical circulatory support control strategies.
INTRODUCTION
Over the past decade, mechanical circulatory support (MCS) has proven to be a valuable therapy for patients with severe heart failure. Currently, patients can live with their ventricular assist devices (VADs) for prolonged periods of time, and an increasing number of patients receive MCS as destination therapy. Although MCS is a lifesaving therapy, many problems are still associated with it. Pulsatile VADs, with a moving diaphragm or ventricular sac in combination with valves, and continuous flow VADs, with a spinning impeller that pushes the blood forward continuously, each have their own specific drawbacks (1) . In general, continuous flow VADs are much smaller than pulsatile devices, which facilitates implantation and reduces the chance of gastrointestinal complications, and they are simpler and have less components, which makes them more reliable (1) . Therefore, the current expectation is that continuous flow VADs will be preferred in the near future. However, continuous flow VADs have drawbacks as well. Although several researchers have not found any difference in clinical parameters, such as organ perfusion between pulsatile and continuous flow, the doubts regarding the long-term consequences of continuous flow support have not entirely disappeared (1) . Also, there are concerns that pulsatile devices may provide better unloading of the ventricle (2) . And finally, continuous flow MCS has proven to be less tolerant of mismatches between physiological demand and operating settings, while physiologic control strategies are limited (3) . For this reason, the goal of this study was to investigate if the drawbacks of MCS could be overcome by combining the strengths of pulsatile and continuous flow assist devices, through pulsatile operation of a continuous flow VAD.
To achieve this goal, we used a computer model describing the left and right ventricle, and the systemic, pulmonary, and coronary circulation. Because VADs are most frequently used for left ventricular failure, the right ventricle and the pulmonary and coronary circulation are often neglected in simulations of MCS (4) (5) (6) . However, due to interactions with the complete circulation, left ventricular assist device (LVAD) implantation often results in complications in the right circulation, for example right ventricular failure. Furthermore, inadequate myocardial perfusion can cause problems during MCS, especially considering the prolonged use of MCS and the increasing number of ischemic heart failure patients treated.
Computer simulations could play a role in improving MCS and preventing complications, but as an assist device interacts with the complete circulation, it is essential to use a complete circulatory model.
The most widely used model to describe ventricular function is the time-varying elastance theory of Suga and Sagawa (7) . However, Vandenberghe et al. (8) showed that the time-varying elastance concept fails to simulate left ventricular function accurately when there is interaction between the left ventricle and an assist device. Also, the elastance model is a phenomenological model, based on global ventricular pressure-volume loops. In our model, we incorporated a one-fiber model, based on the work of Arts et al. (9) , which relates single sarcomere fiber stress and strain to ventricular pressure and volume. Thereby, it is based on microstructural material and macrostructural (global) geometrical properties, which enables the simulation of cardiac disease with physiology-based parameter changes. Furthermore, we took heart rate variation into account by incorporating part of the baroreflex model by van Roon et al. (10) . In some previous simulation studies, heart rate was varied for subsequent simulations, but not during a simulation, and not as a consequence of MCS (5, 11) . As it strongly influences hemodynamic parameters, such as cardiac output, blood pressure, and ventricular work, modeling heart rate variation is essential for an accurate simulation of the interaction of an assist device with the heart and circulation. The article is organized as follows: in the second section, the mathematical model and different modes of circulatory support are described, and it is explained how heart failure was simulated; in the third section, it is shown that the model can simulate both normal and heart failure hemodynamics, and that pulsatile operation seems more beneficial than the standard constant speed operation, and in the fourth section, the mathematical model and the simulation results are discussed.
METHODS

Mathematical model
We based the mathematical model on the model by Bovendeerd et al. (12) , which consists of four parts, describing ventricular wall mechanics, myocardial constitutive properties, intramyocardial pressure, and the circulation. We extended this model to obtain both ventricles and the systemic, pulmonary, and coronary circulation, and included part of the baroreflex model by van Roon et al. (10) to enable the simulation of the interaction between MCS and the heart and circulation.
Ventricular wall mechanics
The model of the ventricular wall mechanics describes how macroscopic ventricular pressure and volume are related to microscopic tissue properties, that is, fiber stress and strain and radial wall stress and strain.The ventricles are modeled as thick-walled spheres, consisting of a set of nested thin spherical shells. On the basis of earlier studies, Bovendeerd et al. (12) concluded that in the normal left ventricle, muscle fiber stress and strain are homogeneously distributed, so that they may be approximated by single values. Furthermore, they found that when assuming rotational symmetry and homogeneity of mechanical load in the wall, the dimensionless ratio of muscle fiber stress to left ventricular pressure depends mainly on the dimensionless ratio of cavity volume to wall volume. Although Bovendeerd et al. only modeled the left ventricle, we used a similar description to model the right ventricle as well, as microscopic tissue properties are similar for both ventricles. Ventricular pressures are given by:
Here, pV is the (left or right) ventricular pressure, sf is the fiber stress, σ m,r is the radial wall stress at the outer surface of the shell with r r = , which contains the (left or right) ventricular cavity volume and onethird of the (left or right) wall volume. This shell is chosen as representative shell because the strain in this layer of the wall is similar to the fiber strain (see Bovendeerd et al. [12] ). Vw is the (left or right) ventricular wall volume and VV is the (left or right) cavity volume. sf is composed of an active (sa) and a passive (sm,f ) component:
Furthermore, wall mechanics is related to cavity mechanics by the relation between ventricular volume and tissue strain at r r = .
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Here, lf is the fiber stretch ratio, corresponding to the circumferential stretch, VV0 is the cavity volume at zero transmural pressure, with a corresponding sarcomere length ls0. At the same location, if incompressibility of the myocardial tissue is assumed, the radial stretch ratio lr equals:
Myocardial constitutive properties Microscopic constitutive laws for fiber stress and radial stress are used to model active and passive fiber stress. The active fiber stress sa is modeled to depend on contractility c, sarcomere length ls, time elapsed since activation ta, and sarcomere shortening velocity vs as: 
Here, ls,a0 denotes the sarcomere length below which active stress becomes zero, and ls,ar and sar represent the sarcomere length and active fiber stress in the reference state. Time tmax corresponds to the twitch duration, and v0 is the unloaded sarcomere shortening velocity, while cv governs the shape of the stressvelocity relation. Bovendeerd et al. chose the parameter values for the active stress formula in agreement with experimental data (12) . The passive stresses along the fiber direction and in radial direction are modeled as: 
Here, it is assumed that no stress can be transmitted in compression. Bovendeerd et al. (12) based parameter values sf0, cf, sr0, and cr on experimental data of the pressure volume relation of the passive left ventricle.
Intramyocardial pressure
Intramyocardial pressure pim is calculated to be able to model the coronary circulation. pim is linearly dependent on the transmural position in the wall, equal to pLV at the endocardial surface and zero at the epicardial surface. Again, stress at the shell containing the (left) ventricular cavity volume and one-third of the (left) ventricular wall volume is considered representative.
Here, ri is the radius of the cavity volume and ro is the radius of the cavity and wall volume together.
Systemic, pulmonary, and coronary circulation
The models of left and right ventricular wall mechanics are connected to a lumped parameter model of the systemic, pulmonary, and coronary circulation. The aortic, pulmonic, mitral, and tricuspid valves are modeled as ideal diodes, and vessels are modeled with constant resistances R, inertances L, and capacitances C. The pressure drop across each of these components is given by:
with q the flow through a resistance or inertance, V the volume in a capacitance, and V0 the volume at zero pressure. The connection between the model of left ventricular mechanics and the coronary circulatory model is made through the intramyocardial pressure that acts on the myocardial capacitance, Cmyo,c. We divided the aorta into five segments to obtain different sites for assist device connection, and the systemic circulation thus obtained was also used to model the pulmonary circulation, only with different parameter values. The resulting circulation model enables the simulation of left, right, and biventricular support. Figure 1 shows the complete circulatory model, represented by an electrical circuit.
Baroreflex
In the baroreflex model by van Roon et al. (10) , baroreflex heart rate is modulated by the cardiopul-
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monary reflex to obtain model heart rate.The baroreflex heart rate is both vagally and sympathetically controlled and dependent on systemic arterial pressure and respiration. In this study, respiration is not taken into account. The static relationship between baroreceptor activity and blood pressure is reflected by a sigmoid function (the baroreceptor function curve), which is used together with a first-order system and a parallel gain to transform the changes in blood pressure into dimensionless values of baroreceptor activity Bb to model the short-term dynamic response. The activity Bb is in turn transformed to autonomic vagal and sympathetic frequencies (Fvag and Fsym):
Here, Ksym and Kvag convert the activity values to autonomic frequency values, and Dvag and Dsym represent vagal and sympathetic output if no feedback from the baroreceptors is present. Dvag and Dsym refer to vagal and sympathetic tone, corresponding to a firing rate that still exists after baroreceptor denervation. An increase in blood pressure (and thus Bb) results in a reflexive decrease of sympathetic and an increase of vagal activation, and the gain factors determine the balance between sympathetic and vagal control. The baroreflex heart rate (fh,b) is obtained by a nonlinear combination of Fvag and Fsym:
Here, fh,d is the heart rate of a denervated heart, and cF,vag and cF,sym are fitting constants. The model heart rate is not solely determined by the baroreflex, the cardiopulmonary reflex plays a role as well. For the cardiopulmonary reflex, the changes in systemic venous pressure and pulmonary venous pressure are converted to relative changes. The resulting activity is multiplied by a gain G and then added to one: 
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Here, Fcp is the autonomic heart rate of the cardiopulmonary reflex, psv and ppv are the systemic and pulmonary venous pressure, and pa is the offset. Model heart rate is obtained by a multiplication of the baroreflex heart rate and the autonomic heart rate of the cardiopulmonary reflex. The dynamic responses of vagal and sympathetic activation and cardiopulmonary reflex are described by a time delay and a first-order system. The baroreflex model is used to calculate the heart rate with the systemic arterial pressure and systemic and pulmonary venous pressure from the mathematical simulation model as input. Because the heart rate variation will also influence the ejection time (13) , twitch duration tmax is chosen to be dependent on heart rate: tmax = 0.5tcycle, where tcycle is the duration of one heartbeat.
Model parameters
Most parameters of the ventricular models are derived from the work of Bovendeerd et al. (12) . However, we expressed left ventricular cavity volume at zero pressure V0,L as a fraction of the left ventricular wall volume Vw,L, and the twitch duration tmax as a fraction of the total heart beat duration tcycle. The circulation parameters for both the systemic and pulmonary circulation are obtained by manual tuning, aiming to obtain physiologic pressure and flow signals. Coronary circulation parameters are equal to those of Bovendeerd et al. (12) . As only microscopic tissue properties are equal for both ventricles, right ventricular wall volume Vw,R and right ventricular cavity volume at zero pressure V0,R are manually tuned as well. The parameters of the baroreflex model are copied from van Roon et al. (10) . All model parameters can be found in the Appendix.
HeartMate II LVAD
The simulation of pulsatile operation of a continuous flow assist device is demonstrated for the HeartMate II LVAD (Thoratec, Pleasanton, CA, USA), an investigational device. To model the Heart-Mate II, we used the pump characteristics that were determined for this device by Griffith et al. (14) . The flow through the assist device depends on the pressure head across the pump and the pump speed:
Here, qVAD is the pump flow in L/min, vVAD is the pump speed in rpm/1000, Dp is the pressure head across the pump in mm Hg, and a and b are fitting parameters that are a function of Dp: a = 0.0091Dp + 1.4 and b = -0. 
Here, A vp is the amplitude of the pulsatile speed component, tstart is the starting time which is equal to the end of ventricular contraction, and t is the relative time within the heart cycle, starting at the onset of contraction. For pulsatile support, the maximal pump speed was 14 000 rpm, except when this would lead to a negative value for the minimal pump speed. Thus, for a mean pump speed of 7000 rpm, the amplitude of the pulsatile speed component was also 7000 rpm, while for a mean pump speed of 10 000 rpm, the amplitude of the pulsatile speed component was 4000 rpm. This means that the pulsatility decreases for increasing pump speeds. By choosing tstart equal to the end of ventricular contraction, a pulsatile pump speed was created that is highest during ventricular relaxation and lowest during ventricular contraction. For clinical application this means that assist device pulsatility would need to be controlled by an ECG signal.
Simulation of heart failure
Left ventricular dilated cardiomyopathy (LV DCM) is the most common indication for longterm MCS. In LV DCM, the most important change is a decreased left ventricular contractility. Furthermore, the left ventricular wall is thinned, while cavity volume is increased. This results in a decreased cardiac output and thereby perfusion pressure. The neurohormonal response to this induces arterial and venous vasoconstriction and an increase in blood volume to maintain blood pressure. However, this response also increases ventricular afterload and preload. The increased afterload will have a negative effect on the cardiac output, and although the increased preload will have a positive effect on cardiac output, it may lead to pulmonary edema.
To simulate end-stage DCM, we changed left ventricular contractility cL, left ventricular wall volume Vw,L, left ventricular volume at zero pressure V0,L,
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systemic arterial resistance Rart,L, and systemic peripheral resistance Rp,L, in agreement with the compensation mechanisms (see Table 1 ). We did not increase blood volume to induce DCM. Normally the kidneys would decrease the blood volume back to a more normal level during MCS, but due to the absence of this regulatory mechanism a blood volume increase would still be dominant during MCS.
RESULTS
Normal heart versus LV DCM
We calculated several hemodynamic parameters from the mathematical simulation model for both the healthy situation and DCM. To calculate the indexes, we assumed a BSA of 1.8 m 2 . For model validation, we compared healthy and DCM parameters to normal values and DCM values found in literature (15-24) (see Table 2 ). Most healthy model parameters are within the normal range, except for ejection fraction (EF) and systolic pulmonary artery pressure (SPAP). However, the deviations of EF and SPAP are quite small. Model data for end-stage DCM are within the patient data range or even slightly worse, except for the pulmonary artery pressure parameters, which are lower compared with patient data.
For both simulations, pressure-volume loops, pressure signals, and flow signals are shown in Fig. 2 .
From Table 2 and Fig. 2 , it can be seen that the left ventricular volume increases remarkably while stroke volume decreases. For the right ventricle, there is a remarkable decrease in both end-diastolic volume and stroke volume. Left ventricular cardiac output decreases due to DCM, which leads to a decrease of right ventricular preload and thus enddiastolic volume, which will in turn decrease right ventricular output until an equilibrium is reached. Furthermore, left ventricular systolic pressure decreases, and diastolic pressure (preload) increases for DCM, while the right ventricle mainly shows a decrease in diastolic pressure (preload). Also, both systolic and diastolic aorta pressure decrease, while pulmonary artery pressure increases during diastole and remains nearly unaltered during systole. Finally, the flow signals clearly show an increase in heart rate, combined with a decrease in amplitude of the flow signal.
Continuous versus pulsatile support
For the continuous and pulsatile pump mode, pressure-volume loops, ventricular and arterial pressures, and flow through the aortic valve, assist device flow, and total aortic flow are shown in Fig. 3 , for a mean VAD speed of 10 000 rpm. Figure 3 clearly shows that both pump modes decrease left ventricular volume while increasing right ventricular end- DCM, dilated cardiomyopathy; EF, ejection fraction; HR, heart rate; CI, cardiac index; SVI, stroke volume index; EDV, end-diastolic volume; ESV, end-systolic volume; SAP, systolic arterial pressure; DAP, diastolic arterial pressure; MAP, mean arterial pressure; SPAP, systolic pulmonary artery pressure; DPAP, diastolic pulmonary artery pressure; MPAP, mean pulmonary artery pressure; PCWP, pulmonary capillary wedge pressure; SVR, systemic vascular resistance.
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diastolic volume. Left ventricular preload decreases and right ventricular preload increases during MCS. Furthermore, the left ventricular pressure-volume loop becomes more triangular of shape, because at the onset of contraction and relaxation, blood is pumped out of the ventricles even though both valves are closed. Both modes cause an increase in right ventricular stroke volume, but while continuous support also increases left ventricular stroke volume, pulsatile support clearly decreases left ventricular stroke volume. Aortic pressure is well above left ventricular pressure, and it shows a decreased heart rate for both pump modes. Furthermore, a difference in the aortic pressure signal for the two pump modes is present, which is more clearly visible in the flow signals. At this pump speed, the aortic valve remains closed for both pump modes so that the complete flow is generated by the LVAD. For the constant pump speed, a pulse occurs in the aortic flow signal due to ventricular contraction, leading to a temporary diminished pressure difference across the pump. The pulsatile pump speed shows two pulses: a small one during ventricular contraction, and a larger one during relaxation when the pump speed is maximal. Figure 4 shows the parameters that are important during MCS for increasing pump speeds. The parameter values for DCM without assist device are also shown to get an idea of assist device function. Cardiac index and coronary flow both increase for increasing pump speeds and are higher for pulsatile support than for constant support. For both pump modes, left ventricular stroke work (the area of the pressurevolume loop) remains almost constant between 7000 and 9000 rpm, and from 9000 to 11 000 rpm, when the aortic valve no longer opens, left ventricular stroke work increases. The explanation for this increase in stroke work is that due to the lower ventricular volume and pressure, the heart is able to generate a larger stroke volume. From Fig. 4d ,e, it is clear that this difference in stroke work is not caused by a difference in mean ventricular volume or pressure. For both pump modes, both the mean ventricular volume and the mean ventricular pressure decrease for increasing speeds and are almost equal. To obtain a measure for ventricular unloading, stroke work should be multiplied by the heart rate. For all pump speeds, both stroke work and heart rate are remarkably lower for pulsatile support, indicating that pul- 
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satile support provides better unloading. Because the heart rate is controlled with the baroreflex, increasing pump speeds decreases heart rate for both pump modes.
DISCUSSION AND CONCLUSION
Simulations were performed with a mathematical model of the left and right ventricle and the systemic, pulmonary, and coronary circulation, to which an LVAD was connected. The main difference with other models is the use of a one-fiber model instead of the time-varying elastance concept to simulate ventricular function. An important advantage of this one-fiber model is that heart failure can be simulated with only a few physiology-based parameter changes, as shown in this study. With the baroreflex model, heart rate automatically changes for differences in assist device settings, which is important, because heart rate variation influences hemodynamic parameters. However, it is unlikely that patients will have the same drastic heart rate response to changes in MCS as found in the simulations with the mathematical model. One explanation for this is that the baroreflex might be altered in heart failure patients. Also, longer-term compensatory mechanisms are currently not taken into account in the mathematical model. An improvement would be to calculate the systemic resistance based on systemic arterial pressure and systemic and pulmonary venous pressure as described by van Roon et al. (10) . An increase in arterial pressure would then decrease the resistance, which in turn would temper both the increase in arterial pressure and the resulting decrease in heart rate. Also, this would further decrease the number of parameters that need to be changed for heart failure simulation. The lack of regulatory mechanisms was also the reason for not changing the blood volume to induce MCS. A small change in blood volume has a substantial effect on hemodynamics, and without a 
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regulatory mechanism, this effect would still be dominant during MCS. Therefore, the renal function should be included in the mathematical model for an automatic regulation of the blood volume. The inclusion of the right ventricle and pulmonary circulation ensures a better simulation of the interaction between an assist device and the heart and circulation than can be obtained with a model that only contains the left ventricle and systemic circulation, as MCS always influences both ventricles. In addition, the inclusion of the right ventricle and pulmonary circulation enables the evaluation of right ventricular or even biventricular support. Also, septal shift could be modeled by coupling of the left and right ventricle with a compliance, similar to the coupling between the left ventricle and coronary circulation.
It was shown that the mathematical model can simulate normal and heart failure hemodynamics that are in agreement with data found in literature. Furthermore, it can simulate the effect of MCS on patient hemodynamics. To illustrate this, we simulated the effect of variation of the pump speed of a HeartMate II LVAD on the hemodynamics of an end-stage LV DCM patient. An increase in assist device speed resulted in an increase in cardiac index and coronary flow, which indicates better perfusion, while the decrease in ventricular volume and pressure and heart rate indicates better unloading of the ventricle.
Because a higher assist device speed also increases the risk of ventricular suction, it may be useful to incorporate this complication of ventricular support by introducing a nonlinear resistance, resulting in blockage of flow through the assist device at low ventricular pressure.
The goal of this study was to see if pulsatile operation of a continuous flow VAD could combine the strengths of continuous flow (small size and reliability) and pulsatile (better unloading, pulsatility, and better control strategies) assist devices. As expected, the simulations showed that the constant pump speed and pulsatile operation led to differences in hemodynamics. At the same mean pump speed, pulsatile support resulted in a higher cardiac index and coronary flow. Ventricular stroke work and heart rate were lower during pulsatile support for similar ventricular volumes and pressures. This indicates that the pulsatile operation is more efficient in unloading the ventricle than the constant pump speed, while additionally, it provides better systemic and coronary perfusion.
Pulsatile operation does not necessarily improve the blood flow pulsatility. In pulsatile operation, the pump speed is decreased during ventricular contraction and increased during ventricular relaxation. This decreases ventricular workload and the risk of ventricular suction, but it also partly neutralizes the pul- satility that is generated by the ventricle. However, the flow will always have some pulsatility due to the pump speed fluctuation.
The last problem specifically associated with continuous flow VADs is the lack of physiologic control strategies. Often, a desired rotational speed is used as a reference for the controller rather than the physiologic demand of the patient (3). This is problematic, as the demand varies with the patient's activity level and the afterload, preload, and contractility of the ventricle. In addition to the constant speed mode, the HeartMate II LVAS controller provides an auto speed mode, which adjusts the pump speed to the pulsatility of the blood flow through the pump. However, pump speed is adjusted periodically based on an average pulsatility, meaning that pulsatile operation is not facilitated. Pulsatile operation would be beneficial for developing control strategies, as it offers more options to adjust assist device settings to the patient's needs. For pulsatile pump speed operation, not only the average pump speed can be adjusted, but also the amplitude and timing of the pulsatile speed component. As pulsatile operation also further increases the complexity of MCS, the mathematical model used in this study can be very helpful in developing new general control strategies.
In conclusion, the mathematical model developed in this study proved to be able to simulate normal and heart failure hemodynamics, as well as the interaction of an assist device with the heart and circulation, which makes it a useful tool for evaluating MCS. In this study, it was used to demonstrate that pulsatile operation of a continuous flow VAD can be more beneficial than the standard constant speed operation. 
APPENDIX
Model parameters
